Introduction
Advances in electromagnetic technologies such as laser and microwave have led to recent developments in thermal treatments of diseased and injured skin tissue, such as the heating therapy of port wine stains ͓1͔ and cryosurgery for skin cancer ͓2͔. These thermal treatment methods normally involve either a raising or lowering of temperature in the targeted skin area to kill or thermally denaturize the necrotic cells but without affecting the surrounding healthy tissue. In spite of the widespread use of thermal therapies in dermatology, they do not draw upon the detailed understanding of the biothermomechanical behavior of skin tissue, for none exists to date, even though each behavioral facet is well established and understood. It is proposed that a detailed understanding of the coupled biological-mechanical response under thermal loading will contribute to the design, characterization, and optimization of strategies for delivering better treatments.
It is technically very difficult to measure experimentally the thermomechanical behavior of skin tissue in physiological conditions. As a substitute, analytical and numerical simulations are used, where the quantification of the thermally-dependent skin mechanical properties is an essential step toward building reliable computer simulations. In our previous study ͓3͔, a mathematical approach has been introduced for determining the thermomechanical response in skin tissue induced under medical heating, where the temperature/damage independent linear elastic mechanical properties of skin tissue have been used. Although the assumption used is reasonable for some cases where the strain level considered is comparatively small, in medical applications, deformation of skin at high strain levels also occurs, e.g., skin indentation during laser-skin treatment ͓4,5͔. For these cases, it can be expected that the incorporation of the temperature/damage dependent mechanical properties in the model will have a great effect on the thermomechanical behavior of skin tissue. So far, the mechanical properties alone of the skin tissue have been studied experimentally, both in vivo and in vitro. However, most of these studies are performed under normal physiological temperature and little has been done on the characterization of the effect of temperature and the corresponding thermal damage. More experiments are thus needed to better understand these phenomena and to quantify the variation of skin properties with temperature and the corresponding collagen denaturation, so that these properties can be reliably used in future models.
Thermally-Induced Changes in the Mechanical Behavior of Skin Tissue.
Collagen is the major dermal constituent and provides the principal structural and mechanical support in skin tissue. The collagen in human dermis is mainly the periodically banded interstitial collagen ͑types I, III, and IV͒, where about 80-90% is type I collagen. Type I collagen has a domain within the triple helix that is completely devoid of hydroxyproline. Since hydroxyproline readily forms hydrogen bonds that stabilize the molecule, its absence makes this domain particularly susceptible to thermal damage ͓6͔. There are two levels of organization where breakdown is thermodynamically significant ͓7͔: One is the collagen molecule itself, in which three peptide chains are twisted around each other to form a helical rod-shaped molecule; the other is the semicrystalline fibril in which collagen molecules are assembled side-by-side in a staggered manner with the long axis of each molecule aligned with axial orientation of the fibril. When collagen is heated, the heat-labile intramolecular crosslinks are broken and the collagen undergoes a transition from a highly organized crystalline structure to a random gel-like state, which is the denaturation process ͓8͔. Collagen shrinkage, or hydrothermal strain/stress as regarded from mechanical point, occurs through the cumulative effect of the unwinding of the triple helix, due to the destruction of the heat-labile intramolecular crosslinks and the residual tension of the heat-stable intermolecular crosslinks ͓8-10͔.
The effects of heating on collagen can be reversible or irreversible ͓11,12͔, and the precise heat-induced behavior of collagenous tissue and shrinkage depend on several factors, including the collagen content ͓13͔, the maximum temperature reached and exposure time ͓10͔, the mechanical stress applied to the tissue during heating ͓14͔, and aging ͓15͔. Different metrics have been used to characterize the thermal denaturation and heating-induced damage of collagen and collagenous tissues including biological metrics such as enzyme deactivation ͓16͔ and extravasation of fluorescent-tagged plasma proteins ͓17͔, thermal metrics such as changes in enthalpy ͓18,19͔, mechanical metrics such as thermal shrinkage ͓20,21͔, and optical metrics such as thermally-induced loss of birefringence ͓22͔. Although the shrinkage of collagen due to thermal denaturation have been widely used and suggested to be a convenient continuum metric of thermal damage ͓23,24͔, Wells et al. ͓25͔ pointed out that equilibrium shrinkage may not be a universal metric to measure thermal damage. Rather, there is a need to identify an independent metric by which one can determine the extent of thermal damage ͓26͔. Presently, the Arrhenius burn integration, proposed by Henriques and Moritz ͓27͔, is widely used. They assert that skin damage can be represented as a chemical rate process, which is calculated by using a first-order Arrhenius rate equation, whereby damage is related to the rate of protein denaturation k and exposure time t at a given absolute temperature T. The dimensionless measure of thermal damage ⍀ is introduced and its rate k is postulated to satisfy the following:
or, equivalently,
where A f is a material parameter equivalent to a frequency factor, E a is the activation energy and R = 8.314 J / mol K is the universal gas constant. It should be noted here that the Arrhenius equation is a simple but remarkably accurate formula for the temperature dependence of the rate of a chemical reaction, and nowadays it is best seen as an empirical relationship ͓28͔.
After the pioneer work of Henriques and Moritz ͓27͔, many researchers have also proposed some other models, but most of them have similar format. There are only differences in the coefficients used in the burn damage integral, which are mainly due to the different experimental databases used to define the models and the different emphases when analyzing the burn process. The available Arrhenius parameters ͑A, E a ͒ for skin tissue from the literature has been reviewed in our previous study ͓29͔ and it has been found that the parameter E a cover a large range from 2.96 ϫ 10 5 ͓30͔ to 7.82ϫ 10 5 ͓31͔. Since E a has great effect on the reaction rate k under heating with constant temperature, as shown in Fig. 1 , the sample-specified Arrhenius parameters will be measured and used in this study.
Diller and Pearce ͓24͔ pointed out that ⍀ can be calculated as the logarithm of the relative concentration of "reactants," or undenatured collagen, in the collagen denaturation process, where ⍀ can be alternatively considered as
C͑0͒ and C͑t͒ are the initial concentration and the concentration remaining at time t of the undenatured collagen. The degree of thermal denaturation, defined to be the fraction of the denatured collagen, and denoted by deg͑t͒, can be calculated as
During thermal denaturation of collagen, both the structure and the hydration level of collagen change, which may involve an initial liberation and subsequent absorption of water ͓32͔. Not surprisingly, the thermal denaturation of a collagenous tissue, can result in marked changes in the thermal ͓33͔, mechanical ͓21,34͔, and optical properties ͓35,36͔. For example, increased extensibility of soft tissues due to thermal treatment has been observed in both uniaxial ͓37,38͔ and biaxial studies ͓25,39͔.
Aims and Structure of This Paper.
Previous studies reveal that skin tissue exhibits considerable stress relaxation under constant strain, creep under constant stress, and hysteresis in cyclic tests. However, to the author's knowledge, there is no published study on the thermally-induced change in the skin viscoelasticity, although other collagenous tissues such as cartilage ͓40,41͔ and bone ͓42,43͔ have been studied in detail. The purpose of this study is thus to characterize the thermally-dependent relaxation behavior of skin tissue and to examine the effect of the corresponding skin collagen denaturation. For this purpose, differential scanning calorimetry ͑DSC͒ measurements are used to detect the denaturation of collagen in skin tissue and to measure its thermal stability. With the sample-specified parameters obtained from DSC results, the integrity of the collagen network is then analyzed using thermal damage integration. Stress relaxation tests under different temperatures are performed, and the results and discussion are presented. Relaxation experiments were also performed to investigate the temperature influence on the viscoelastic behavior.
Experimental Methodology
2.1 Selection of Samples. The ethical and immunological issues associated with human skin testing request us to find a substitute tissue. Pig skin is chosen due to its structural and functional efficacy compared with human skin, including the histology, morphology of connective tissue, cell kinetics, and density of hair ͓44,45͔. In the present study, pig ear skin from the center auricle was used, which has been shown to be of same value as a model for human skin ͓46͔. The location of sampling is shown in Fig. 2 . In this series of experiments, skin samples from domestic British breeds of pigs are used, which are obtained from a local slaughter house near Cambridge, at Dalehead Foods in Linton.
Sample Procurement.
Samples of pig skin to a depth of the subcutaneous fat were procured daily, 10 min post mortem by block dissection. The skin sample was excised with sharp scissors and a single-edged razor blade, taking care to minimize the mechanical strain applied to the tissue. They were then fast-chilled following the standard organ procurement protocol to 4°C in a pregassed ͑95%O 2 , 5%CO 2 ͒ Krebs-Henseleit Ringer ͑KHR, pH 7.4͒, a physiological solution that meets the metabolic requirements of skin and prevents sample degradation. Samples were transported to the laboratory immediately afterwards. In the laboratory, the samples were separated from subcutaneous fat by wet/ fast-dissection on a bed of ice and KHR at 4°C, and the epidermal layers were not removed to prevent the death of cells caused by mechanical trauma. The skin samples were tested within a few Transactions of the ASME hours of slaughter, in order to minimize degradation of the tissue structure. In all, efforts have been placed on keeping the cellular component of the samples viable. Any storage of test samples at room temperature has been avoided, and only samples that have been stored at 4°C were used in this study. This routine has been shown to best preserve the samples ͓46,47͔ and fibroblasts remain viable for long periods when the skin is maintained under conditions similar to those employed in this work ͓48͔.
It should be pointed out here that biological tissues, such as skin here, swell when in contact with physiological solution, due to the osmotic pressure difference induced by the fixed charges of the proteoglycans ͓49͔. In this study, all specimens were allowed to swell more than 4 h before data were collected to eliminate the possibility of different effects of swelling on the results, in view that most of the swelling of excised skin tissue takes place within 3-4 h after immersion ͓50͔.
Sample Preparation

Sample Cutting.
Before cutting, any hair on the skin was closely clipped with electric clippers. The outline geometry of the sample was marked on the skin with surgical skin marker prior to excision. Skin samples of different shapes are prepared in the KHR solution at 4°C by use of tissue punches immediately prior to mounting in the experimental approaches. A rectangular specimen, approximately 20ϫ 2.5 mm 2 , was cut from the excised skin with a press knife constructed from disposable razor blades held in a block of Perspex. The dumbbell shape was not selected due to technical difficulty and potential tissue damage, although it may have been preferable to use on strictly mechanical grounds due to the uniform distribution of load in the central region of sample and avoidance of end effect ͓48͔.
Sample Dimension Measurements.
The thickness of each rectangular strip was measured using a micrometer after stretching the samples to their original size as measured before excision, accurate to 0.01 mm, and its width was measured using digital slide calipers, accurate to 0.01 mm. Five sets of measurements were performed at different locations and the average set was taken for the size of the sample. Any errors due to penetration of the micrometer/caliper probe into the skin tissue were observed to be less than 0.1 mm by comparing with direct measurement with a microscope. Precise measurement of the length of sample was not performed since an optical method was used for the displacement/strain measurement, as described below, where the length could be optically recorded instead.
DSC Test.
Differential scanning calorimetry has been used extensively to characterize the thermal behavior of collagenous tissues. DSC detects thermodynamic changes by measuring the flow of heat between a sample and a reference, whereby the variation of enthalpy or apparent specific heat of skin samples with temperature is recorded during the heating, and kinetic is then calculated based on an assumed reaction model of first-order kinetics.
In this study, the thermal stability of collagen in pig skin was assessed with a TA Instruments DSC of type Q1000 T zero , scanning from 20°C to 100°C at four different heating rates ͑r h =2°C/ min, 5°C / min, 10°C / min, 20°C / min͒. The skin sample of about 8 mg in weight is put inside a hermetically sealed pan, which is kept away from all contamination. The pan is then placed in a differential scanning calorimetric cell and heating is applied with a constant rate. The advantage of controlled heating-rate protocol is chosen for it needs comparatively much less number of specimens than temperature-jump experiments, although the temperature-jump experiments have the advantage of easy recognition of the individual roles of time and temperature ͓51͔.
Relaxation Tests
Relaxation Tests Procedure.
A uniaxial stress-relaxation test was adopted in this study, which was performed using a hydrothermal tensile system. Originally designed for biaxial tensile testing of soft tissues, the system is schematically shown in Fig. 3 . The test procedures have been described in detail elsewhere ͓52͔ and hence, for brevity, only a brief introduction is given here. A skin sample was put inside the test chamber and the liquid ͑KHR͒ in the high temperature reservoir was heated to a chosen temperature of up to 100°C, while the low-temperature reservoir contained liquid at a temperature of 0°C ͑ice cooled͒. A valve in the test chamber was opened to allow the hot ͑or cold͒ liquid to fill the chamber so that the sample was fully immersed in the liquid, while a thermocouple near the sample was used to inform a software, via a PC, the exact time at which the experiment started. A mechanical load was then applied to the skin sample. The temperature and applied displacement, strain, and loads were recorded subsequently.
In-plane finite strains and deformations in the tissue are measured optically, in view of the Saint-Venant effect ͓53͔, by tracking the position histories of contrasting markers on the surface of the specimen, based on the method of Downs et al. ͓54͔;The strain and deformation are traced between different deformation states by performing a two-dimensional cross-correlation on subsets of the images ͓55͔, which are recorded with a CCD camera at 30 Hz. The image is captured to video file for detailed off-line analysis. The accuracy of the cross-correlation relies on high-contrast, high-frequency information within the images, which is provided by staining the tissue sample with a surgical marker pen before each experiment and by self-holding surface feature ͑e.g., wrinkle͒ of skin tissue. The deformation field is obtained by comparing current marker positions, given by pixel coordinates, to the reference positions. It should be noted here that the tissue strain is measured only in the central region so that the effects of local stress concentrations of the gripping attachments are avoided. In order to keep the interested region within the field of view of the CCD, the two motors are set to the same speed. Force measurements are synchronized with CCD images by a LED in-shot at the beginning of each sequence.
In this study, mechanical preconditioning of skin samples in the KHR solution at 37°C is applied before each test, in order to obtain reproducible responses. The skin sample is subjected to a displacement controlled sinusoidal excitation ͑maximum stretch ratio of 1.05͒ at a specific frequency ͑0.05 Hz͒, and the loading/ unloading curves are examined to determine if repeatable stressstrain curves are achieved. The test data are discarded if the loading/unloading curves fail to converge to a repeatable stressstrain relationship. After preconditioning, the samples are pre- loaded to a stress state of 10 kPa ͑with a corresponding stretch ratio about 1.08͒, which is a reasonable initial stress in vivo ͓56͔, to mimic its in vivo condition. Enough time is allowed, prior to starting the test, for the skin sample to get to the equilibrium state, which is chosen as the reference configuration. It should be noted here that the mechanical preconditioning may have some effect on the following viscoelastic measurements. This effect, however, can be neglected here since preconditioning recovery has a much longer time constant ͑hours͒ compared with the duration of the 10 min test period.
The stress-relaxation test is conducted with two protocols. First, the stress relaxation is performed for different stretch ratios ͑1.1, 1.3, and 1.5͒ with a high loading rate ͑␥ =50% / s͒ in order to study the effect of strain level on relaxation ͑results not shown here͒: at low levels of strain, the mechanical behavior is mainly due to the role of elastin, which has been shown to be temperature-stable ͓57͔; but the loads are too small relative to the noise level ͓26,58͔ and high strain levels are adopted. In order to isolate the nonlinear elastic properties of tissue from its viscous properties, relatively high rates are preferred for the ramp phase as used for the first protocol. However, with a high strain rate, it is technically difficult to obtain reliable instantaneous material parameters due to inertial effects, where one of the main problems is overshoot, followed by a rebound back to the target strain under high rates due to limitations in the mechanical testing equipment. This has been shown to have a considerable effect on the measured forces ͓59͔. It has been recommended that a slow strain rate should be used in stress-relaxation tests ͓60,61͔, since at low strain rate the actual strain history can be well approximated by a linear ramp followed by holding at constant strain. Thus, the errors associated with fast strain rates ͑e.g., overshoot, vibration, poorly approximated strain histories͒ can be reduced or avoided ͓60-62͔. In view of these, comparatively low strain rates have been used in the tests performed in the second protocol, where the tissue samples are stretched to 1.5 times their initial length ͑a stretch ratio of 1.5͒ at a low loading rate of ␥ =1% / s, and the displacements of the samples are then kept constant while the time histories of the force are recorded for a time period of 500 s. Each test is repeated three times with three different samples, and the averaged values are used. Due to the large deformations, stretch ratio, instead of strain, is used in this study, which is defined as = l / l 0 with l and l 0 being the current and initial marker distances on the sample as measured by the optical method. As for the stress, since we were unable to precisely describe the sample thickness during testing to determine true stress in a sample, engineering stress was calculated from the applied force F divided by the initial crosssectional area A 0 as = F / A 0 .
Heat Transfer
Analysis. This study is aimed at the mechanical behavior of skin samples under different heating conditions. It is thus important to analyze the heat transfer in the sample during the tests. The Pennes equation ͓63͔ without blood perfusion term is used here for the heat transfer analysis, where the skin sample is assumed to be thin and flat, and to experience on its two surfaces a step change in temperature from a uniform room temperature to an immersion fluid temperature of up to 80°C. The unloaded thickness of skin sample is in the range of 1.6-2.0 mm and the maximum value of 2.0 mm is used to estimate the maximum time required for the samples to reach the target temperature. Thermal properties of different skin layers ͑epidermis, dermis, and fat͒ are obtained from published data in the literature ͑see Ref. ͓64͔͒. Using the closed-form solution obtained in our previous study ͓64͔, the centerline temperature history of the skin sample under heating of different temperatures can be obtained, as shown in Fig. 4 . For example, with heating of 80°C, the centerline temperature of the skin sample gets to 70°C within 8 s, which is very short compared with the whole duration of the test ͑ϳ10 min͒. Analyses for other temperatures reveal similar maximum values ͑see Fig. 4͒ . These values are conservative in view that the maximum thickness of 2.0 mm is used in the analysis, and the samples get thinned due to mechanical loading during testing. Hence, it can be assumed that an approximately isothermal condition during testing can be achieved almost instantly. Transactions of the ASME
Results
DSC Results.
A typical DSC thermogram of a pig ear skin sample is shown in Fig. 5͑a͒ . The measured specific heat capacity falls in a range compatible to current data in the literature ͓7,27͔. The result of Fig. 5͑a͒ demonstrates that, for a stress-free skin sample subjected to temperatures in the range of 30-90°C, a broad endothermal peak appears. Denaturation is characterized by a sudden increase in the energy absorption, which immediately precedes this peak, starting at about 60°C. With further heating, the endotherm reaches its maximum value at the denaturation temperature of 64.1°C and then decreases. It is known that the temperature of thermal denaturation strongly depends on the water content in collagen, e.g., it has been found that there is an increase in the rate of shrinkage, and hence denaturation, with increased hydration at a given temperature ͓65͔ and on the degree of crosslinking between the chains ͓66͔. The peak in Fig. 5͑a͒ is connected with the transition of collagen structure from the ordered triple helix form to a randomly coiled conformation in the domains between crosslinks.
It is also observed that the denaturation endotherm characteristics are heating-rate dependent ͑not shown here for brevity͒, where the maximum of the peak at higher heating rates is shifted toward higher temperatures. If a collagenous tissue is heated from an initial value at a constant heating rate, as in this study, the relation between the Arrhenius parameters ͑E a , A f ͒ and the peak temperature of thermal denaturation ͑T max ͒ can be obtained as
where E a can be obtained from a log-log plot of ln͑r h / T max 2 ͒ versus 1 / T max , while A f can be derived through the intercept. A characteristic plot of ln͑r h / T max 2 ͒ versus 1 / T max for ear skin sample is presented in Fig. 5͑b͒ . From the curve, the parameters for ear skin sample are obtained as E a = 5.867ϫ 10 5 J / mol and A f = 5.240 ϫ 10 91 s −1 . With these results, the thermal damage and the degree of thermal denaturation of skin collagen for a given heating history can be quantified with Eqs. ͑2͒ and ͑3͒.
Relaxation Behavior
Typical Examples of Uniaxial Tensile and StressRelaxation Tests Behaviors.
A typical uniaxial tensile behavior of pig ear skin sample measured at T = 37°C is shown in Fig. 6 ͑black dots͒. Note that skin has a low stiffness at low strains but undergoes significant strain hardening at high strain level. This J-shaped stress-strain curve is typical for mammalian skin, although the strain hardening characteristic varies from specie to specie. In Fig. 6 , the uniaxial tensile stress-strain responses of human chest skin ͓69͔ and cat back skin ͓70͔ are also shown for comparison. It is interesting to find that the uniaxial tensile behavior of pig ear skin obtained in this study agree well with that of human skin. This is, however, not unexpected in view that pig ear skin is selected purposely for tensile tests due to its high similarity with human skin tissue ͓46͔. Compared with pig ear skin and human chest skin, cat back skin strain hardens at a faster rate.
A representative uniaxial stress-time response from a relaxation test performed at body temperature ͑T =37°C͒ is presented in Fig.  7 , which shows the response of skin sample during both the ramp and relaxation phases of the test. In the ramp region ͑0 sՅ t Յ 50 s͒, the response is concave due to the nonlinearity caused by an increasing recruitment of collagen fibers with increasing strain. In the relaxation region, the stress-relaxation curve is characterized by a sharp decrease in stress, followed by a gradual reduction down to 550 s The uniaxial tensile relaxation results of pig ear skin tissue obtained here are comparable with those of human skin tissue ͓71͔ and rat skin tissue ͓72͔ under tension, and pig foot skin tissue under compression ͓73͔, both qualitatively and quantitatively. Uniaxial tensile tests of pig ear skin tissue at four different hypothermic temperatures ͑T =5°C,10°C,20°C,30°C͒ have been performed. Together with the result obtained at body temperature, the normalized function of g͑t͒ = t / t R ͑where t R denotes the moments in time at the end of ramp of relaxation͒ is presented in Figs. 8͑a͒ and 8͑b͒ . From the figure, it can be seen that skin tissue tested at higher temperature relaxes faster and reaches the equilibrium state much sooner than a tissue tested at temperatures further from body temperature; a similar behavior has been observed by other researchers for collagenous tissues. For example, Cohen et al. ͓74͔ found that there was a significant increase in the relaxation rate of ligament with increasing temperature, in the range of 2 -37°C. It was reported that the cyclic load relaxation of medial collateral ligament was greater at 37°C than at 22°C in dogs ͓75͔ and greater at 35°C than at 25°C in rabbits ͓76͔. However, Rigby et al. ͓77͔ found no measurable change in the stress relaxation between 0°C and 32°C, but a rapid drop in the rate of stress relaxation between 32°C and 40°C.
Relaxation Behaviors Under Hypothermic Temperature.
Relaxation Behaviors Under Hyperthermal
Temperature. The uniaxial tensile tests of pig ear skin tissue under four hyperthermal temperatures ͑T =50°C,60°C,70°C,80°C͒ have been performed. Together with the result obtained at body temperature, the normalized function of g͑t͒ = t / t R is given in Fig.  8 . Within the physiological temperature ranges, it has been shown that the viscoelastic behavior of collagenous tissues is independent of temperature history ͓74,77͔. However, in the hyperthermal range, the stress-relaxation responses of skin tissue at a higher temperature relax faster and reach an equilibrium state much sooner than those at temperatures closer to body temperature. This observation is in agreement with those reported in the open literature. For example, the stress in thermally treated collagenous tissue was found to relax faster and to a larger degree for a similar loading ͓26͔. The acceleration of stress relaxation due to thermal heating in mechanically deformed tissue was also observed in the laser reshaping of cartilage ͓78,79͔ and laser thermokeratoplasty of corneal ͓80͔.
Variation of Elastic Fraction With Temperature.
The elastic ͑equilibrium͒ stress fraction frac E = g͑ϱ͒ = ϱ / t R ͑where t ϱ denotes the moment in time at the end of relaxation͒, under different temperatures, has been obtained from Fig. 8 , as shown in Fig. 9 . It can be seen that frac E depends strongly on the temperature; it decreases with increasing temperature over the whole temperature range, but decreases much faster in the hyperthermal range ͑T =50-80°C͒. In other words, as the temperature decreases, the energy dissipation decreases and the mechanical energy is increasingly elastic. In this section, the possible roles played by different tissue components in skin viscoelasticity and the thermally-induced changes in these factors are discussed.
Effect of Different Components.
Histological examination reveals that the viscoelastic response was mainly caused by the dermis, and not the epidermis in nature ͓81͔; Silver et al. ͓82͔ also found that the removal of the epidermis does not change the viscoelastic properties of skin tissue. Therefore, the following discussion is relative to the role of different components of skin dermis.
Skin tissue is composed of cellular and extracellular compartments. The extracellular compartment consists of dominant collagen fibers embedded in ground substance. The mechanical response of skin tissue to applied loads involves two components as noted previously: a viscous component associated with energy dissipation by molecular and viscous sliding of collagen fibrils during alignment with the force direction, and an elastic component associated with energy storage as a result of stretching of flexible regions in the collagen triple helix ͓82-84͔. The viscous nature of collagenous tissues arises from both the inherent viscoelasticity of the solid phase as well as fluid movement, resulting in viscous drag between the solid and fluid phases during loading ͓85͔.
Effect of Elastic Component.
The extent to which a tissue exhibits stress relaxation has been shown to be directly related to the elastic content ͑elastin and collagen͒ ͓86͔. However, in the study here of pig ear skin, the elastin should not play an important role in the thermally-induced variation of viscoelastic behavior, for a high strain level ͑ max =50%͒ has been chosen. At this level, the mechanical behavior of skin tissue is dominated by the response of collagen fibers ͓87͔.
The collagen fiber component plays a major role in the stressstrain response of skin tissue, especially at high strain levels ͑ Ն 30%͒ ͓83,84,88͔. Collagen is intrinsically viscoelastic ͓89,90͔, implying that collagen viscoelasticity may be the source leading to the viscoelastic behavior of skin tissue ͓72͔. For example, a correlation between collagen content and the viscoelastic behavior of rat skin has been established ͓91͔. An increase in collagen crosslinking was found to increase both the viscoelastic storage and loss moduli of guinea pig skin tissue under dynamic loading ͓92͔. Furthermore, upon loading the initially crimped collagen fibers in dermis undergo reorientation, suggesting that the timedependent reorientation of collagen fibers may be responsible for skin viscoelasticity. For example, the increase in elastic fraction with increasing strain in the skin stress-relaxation response was attributed to the rearrangement of individual collagen fiber orientations, resulting in an aligned collagen network at high strain levels ͓93͔. Structural reorganization was also recognized to be important in tendon viscoelasticity ͓94͔. However, Purslow et al. ͓72͔ found no involvement of collagen fiber rotation in skin viscoelastic stress relaxation.
Role of Ground Substance.
The ground substance is a gel-like substance containing a class of chemicals including proteoglycans ͑PG͒ and glycoproteins. The ground substance is found to play an important role in the viscoelastic behavior of the dermis. According to Wilkes et al. ͓95͔ , the time-dependent behavior of the dermis can be related to the viscous resistance that fibers experience while moving through the ground substance. Minns et al. ͓96͔ showed that the removal of ground substance in the tendon, aorta, and ligamentum nuchae induced a decrease in relaxation hysteresis and other time-dependent effects. Vogel ͓97͔ found a correlation between the relaxation and the content of glycosaminoglycans ͑GAGs͒ in skin tissue, which constitute a part of the PG. Purslow et al. ͓72͔ also suggested that the viscoelastic effects of skin tissue arise from molecular relaxations within the proteoglycan matrix surrounding the collagen fibers or within the collagen fibers themselves. Eshel and Lanir ͓58͔ found that the absence of proteoglycans influenced the low strain relaxation patterns and deteriorated viscoelastic mechanisms.
In summary, the skin viscoelasticity at high strain level is decided by the collagen and ground substance tissue while the elastic component ͑elastin͒ should not play an important role. The thermal effect is discussed below.
Thermal Effect.
It has been established that under static loading conditions collagen is responsible for the viscoelastic properties and the stiffness of skin ͓82,88͔. It has also been suggested that collagen may play an important role in determining the overall mechanical properties of skin ͓98͔. However, the results from thermomechanical tests on collagenous tissues can be difficult to interpret due to the simultaneous occurrence of thermal damage and thermoelastic and thermoviscoelastic processes, the least understood being the altered viscoelastic behaviors during and after heating ͓26͔.
Three possible mechanisms exist for the currently observed thermally-induced change in the viscoelastic behavior of skin tissue in the hyperthermal temperature range. The first one is the thermal denaturation of dermis collagen and it seems reasonable to assume that collagen would play a major role in the viscoelastic nature of skin tissue subjected to thermal loading. For example, the acceleration of stress relaxation in laser reshaping of cartilage was partly attributed to thermally-dependent bound-free water transition in the cartilage matrix and selective collagen denaturation ͓78,79͔. Wells et al. ͓99͔ found a correlation between the relaxation rate of ovine aortic collagen and the concentration of thermally stable collagen crosslinks; if more crosslinking is present, the slippage of adjacent chain fragments will be inhibited, and the observed load relaxation will be slower. High temperature has also been suggested as influencing the shrinkage of collagen and the residual forces after relaxation ͓100͔. To check the role of collagen denaturation, the heat-induced thermal damage degree ͑deg͒ of pig ear skin tissue under hyperthermal temperatures has been plotted as functions of time, as shown in Fig. 10 . Another possible mechanism is the thermally-induced change in hydration. It has been shown that the viscoelastic behavior of soft tissues are related to the interactions among collagen, proteoglycans, and water molecules ͓101,102͔. There can be an inward or outward flux of interstitial fluid due to heating a soft tissue ͓32͔ and the viscoelastic properties of a tissue can be changed by altering its water content ͓103͔. Baek et al. ͓26͔ speculated that a loss of water causes the stress to relax, and the faster relaxation in thermally treated tissues is caused by the faster and greater water loss. The third possible mechanism is the thermally-changed cell viability in skin tissue. From Fig. 10 , it can be seen that collagen in skin tissue is almost fully damaged ͑deg is near unity͒, indicating that fibroblast viability decreases with heating duration and temperature. Using poison ͑two-deoxy-D-glucose͒, Yip et al. ͓104͔ studied the effect of in situ fibroblast viability on the mechanical properties of rate back skin tissue. They found that there is greater stress relaxation in skin tissue strained in normal Kreb's solution than that in Kreb's solution with poison, and that there exists a correlation between the amount of stress relaxation and the number of viable fibroblasts in the tissue; tissues with more viable fibroblasts have lower stress relaxation. Compared with hyperthermal temperature range, there have been few studies on the skin viscoelastic behavior under hypothermic temperatures and the underlying mechanisms for the thermal-induced change are still unclear. One possible mechanism is the low-temperature induced hydration change. This needs to be further studied by more detailed tests.
Conclusions
5.1 Summary. The currently applied thermal therapies in medicine cover a very large temperature range, from as low as minus −200°C ͑for cryosurgery͒ upto as high as several hundred Celsius degree ͑for heating therapy͒. It is thus necessary to understand the underlying mechanisms of skin mechanical behavior under these conditions. This study has examined the viscoelastic behavior of skin tissue under different temperatures and thermal damage levels, in order to characterize the thermal effect on the mechanical properties of skin tissue. Comparisons of the experimental results with reported results in literature have been performed, and a good agreement has been achieved. The results have been discussed together with the corresponding thermal damage process. More detailed, the following conclusions can be made.
DSC results show that the transition temperature of collagen in the pig flank skin samples is about 64.1°C, and from the DSC results the sample-specified Arrhenius parameters are obtained. There exists a high thermal dependence of the stress-relaxation behavior of skin tissue; quantitative relationship has been found between temperature and the elastic fraction. More experiments are needed to better understand these phenomena and to quantify the variation of skin properties with temperature and the corresponding collagen denaturation, especially in the hypothermic temperature range, so that these properties can be reliably used in future models.
Limitations.
There are several limitations to the present study, as described below.
͑1͒ It should be noted here that the thermal denaturation of a collagenous tissue depends on not only the temperature history but also the stress state during heating ͓32͔, which is, however, very difficult to quantify due to the lack of corresponding research. But for the case here, the temperature history should play a major role in the denaturation process of dermal collagen since the thermal loading precedes the mechanical loading, e.g., it takes less than 10 s to achieve the full denaturation of dermal collagen for heating at T h Ն 60°C ͑see Fig. 10͒ , while the stress level is only about 14 kPa, which is much less than the range for stress to play a role ͓14,21͔. Therefore, the parameters obtained from mechanical load-free DSC measurements were used in the calculation of thermal damage. However, the effect of hydration change on the denaturation needs to be addressed in future research. ͑2͒ The thermally-dependent viscoelastic behavior of skin was only tested for uniaxial loading, which is not the case in vivo where skin experiences multiaxial natural tension. Biaxial loading thus needs to be studied. The stretch ratio applied in the present relaxation test was = 1.5, but a previous study found that after = 1.2 the fibroblasts were apoptotic or necrotic ͓105͔.
